Introduction
The formation of an atherosclerotic plaque within the arterial wall leads to a stenosis that progressively compromises the vascular lumen and ultimately may cause malperfusion of the down-stream tissue. Traditionally, researchers concerned with blood flow through diseased arteries have considered these stenoses as rigidly fixed obstructions in a rigid vessel. On the basis of this assumption, a fluid dynamic model has been developed to describe the pressure drop-flow (AP-Q) relationship of an arterial stenosis [49] . This model has been adapted to a practical method for the quantitative analysis of coronary arteriograms that is used to predict the fluid dynamic severity of a coronary stenosis [14, 39, 47] . For this analysis, the absolute dimensions of a coronary artery stenosis are determined from a selected angiographic frame using computer-assisted image processing methods. These geometric data then serve as input to the fluid dynamic model that is used to predict the hemodynamic characteristics of the analyzed stenosis in terms of its AP-Q relationship.
Several pathological studies have shown that the majority of coronary artery stenoses is eccentric and contains an arc of normal wall circumference [12, 31, 45, 46] . There is mounting experimental and clinical evidence that both active and passive mechanisms may alter the shape of such a compliant coronary stenosis and thereby influence its hemodynamic characteristics. A number of in vitro studies in excised human [25] and canine [16, 32] arteries have demonstrated that a compliant arterial stenosis may show a paradoxical flow behavior when a decrease in intraluminal pressure is elicited either directly by a change in input pressure or indirectly through changes in downstream ' This work was supported in part by NIH grant #P41-RR01861, DOE grant #DE-FG03-91ER14223, NSF Research Initiation Grant #BCS-9011761, and by a grant from the Whitaker Foundation.
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resistance. In contrast to a rigid stenosis in a rigid vessel, these partially flexible obstructions showed an increase in pressure drop at a given flow rate for either of the above interventions, i.e., stenosis resistance increased. Similar observations have been described from in vivo studies [4, 5, 21, 34, 48] .
This dynamic behavior of compliant stenoses has been related to purely passive changes in stenotic dimensions in response to changes in positive transmural pressure. Results from steadyflow experiments in hydraulic models employing a partially flexible stenosis support this hypothesis [10, 16, 19] . In analogy to the mechanisms involved in the collapse of veins and airways, the concept of a Starling resistor, for which negative transmural pressure leads to partial wall collapse, flutter, and flow limitation, has also entered the ongoing discussion of this paradoxical arterial flow phenomenon [1, 2, 10, 21, 22] .
The present study was undertaken to investigate in more detail the effect of passive wall motion on the fluid dynamic behavior of a stenosis with a compliant wall segment during simulated cardiac cycles in an in vitro model of the coronary circulation. Selected parameters of stenosis geometry were investigated with respect to their influence on the AP-Q relationship in a specially designed flow system which allowed the reproduction of physiological coronary pressure and flow waveforms. Table 1 Comparison of average parameters for the normal coronary circulation and tlie in vitro model forms in the epicardial arteries [20, 28] . Blood flow in the large coronary arteries is, as a first approximation, assumed to be quasi-steady and is determined by the instantaneous ratio of distal coronary pressure to the lumped myocardial resistance. Previous studies have shown that the quasi-steady assumption is adequate for describing flow in stenosed coronary arteries in vivo [20] .
The coronary circulation was modeled in the maximally vasodilated state, since vasodilation occurs as a physiological response to compensate for the loss in perfusion pressure caused by an arterial obstruction [17] . This implies that the pressureflow relationship is essentially linear over a wide range of flow rates [17, 43 ] and that the periodic variations in distal resistance remain constant regardless of changes in load caused by a stenosis. The effect of a stenosis is thus reflected by a pressure loss and a decrease in flow. Typical coronary flow waveforms were synthesized based on data available from the literature, assuming a mean flow rate under vasodilated conditions of 240 ml/ min with a mean systolic to mean diastolic flow ratio of 1:4 [8] and a ratio of the systolic to diastolic interval of 2:3 [11] , Based on a heart rate of 75 beats per minute (period T = 0.8 s), coronary artery diameter, Z), of 3 mm, blood viscosity, ji, of 3.6 cP, and blood density, p, of 1.06 g/cm' the frequency parameter (a = Z)/2(27rp/r/x)"^) was calculated to be 2.281. A set of dimensionless parameters describing geometric variables, inertial and viscous force ratios, and timing ratios of the pressure and flow waveforms was used to scale the hydraulic model. Figure 1 illustrates the scaled synthesized waveforms. A comparison of coronary and in vitro flow model parameters is provided in Table 1 . Similitude to relevant parameters describing the flow conditions in a normal (unstenosed) epicardial coronary artery was achieved by maintaining the instantaneous Reynolds number (Re = Dpvljjb) and the frequency parameter. Based on a model diameter of 0.635 cm, these requirements were satisfied by a flow rate 2.1 times the coronary flow rate and a period 5.3 times as long as the physiological heart beat. • This value was estimated for normal intracoronary pressure [15] .
dimensionless wall elasticity parameter (£' = £,"c/j/pu^D), and non-dimensional resistance (/?' = RD^Ipv) indicates that these parameters were not well simulated. However, both in the coronary artery and the in vitro test section, these numbers are much larger than unity. For example, the Euler number in the coronary equals 38.5, implying that dynamic pressure is only 2.6 percent of the static pressure. In the model, these values are 207.3 and 0.5 percent, respectively. Hence, the dynamic pressure is underestimated in the flow model, but since in the coronary artery the relative contribution of the dynamic pressure is small, the results from the model will not deviate much from those in the normal coronary artery in this respect. Similar reasoning applies to the dimensionless wall elasticity and resistance. Differences between these model and coronary parameters may become more relevant at the stenosis where an increased flow velocity would enhance the importance of dynamic pressure variations. The magnitudes of the driving pressure and pulse pressure were chosen based on the ability to achieve the desired flow rates and taking into account the distensibiUty of the test section and stenosis models. Considerations regarding the elastic properties of the wall are described in more detail subsequently.
Hydraulic Model. A schematic diagram of the experimental setup is shown in Fig. 2 . It was designed as a recirculating flow system with two reservoir tanks, two in-line regulating valves (models SS6L-RS6 and SS-5PDF8, Whitey Co., Highlands Heights, OH), and a pump for fluid return. Dimensionally stable plastic tubing (Nalgene, Nalge Co., Rochester, NY) with Transactions of the ASME an inner diameter of 6.35 mm (1.59 mm wall thickness) was used to connect the components, with the exception of the flexible test section. No external pressure was applied to the test section. The downstream end of the tubing was open to atmospheric pressure at the same height as the test section in order to avoid suction effects. An overflow in the upper reservoir provided a constant pressure head of 24 kPa (180 mm Hg). Pressures and flow rates upstream and downstream of the test section were measured with two cannulating electromagnetic flow probes (6 mm inner diameter) that had been modified to accommodate a pressure tap in close vicinity to the flow measuring coil. The pressure taps were connected to two pressure transducers (models P23-Db and P23-BB, Gould-Statham Inc., Oxnard, CA), and the flow probes were connected to a twochannel flowmeter (model BL-610, Biotronix, Kensington, MD). The valves were located 110 cm upstream and 53 cm downstream of the test section to allow an entrance length sufficient for the development of laminar flow before the test section. Each valve stem was coupled to the shaft of a stepper motor (model 23D-6103H, Rapidsyn, American Precision Industries, Oceanside, C A). Movement of these motors was coordinated by a two-axis bilevel driver and indexer (model DPF-38, Anaheim Automation, Anaheim, CA) which was controlled via software commands from a personal computer (model XT, IBM Coip., Boca Raton, FL). AH signals were ampUfled and sampled into 12 bits at 50 Hz after analog to digital conversion (model Labmaster TM40-PGL, Scientific Solutions, Inc., Solon, OH). Pressure and flow data were sampled for at least two consecutive cycles.
A solution of 36 percent glycerin and 15 percent potassium iodide in water, with a viscosity of 3.55 cP and a density of 1.24 g/cm' was used as the operating fluid. The kinematic viscosity, i/, was measured with a calibrated capillary viscometer (Cannon-Fenske model 75-F276, Cannon Instrument Co., State College, PA) in a water bath at the controlled operating temperature of the experimental fluid (28°C). The fluid density, p, was found by weighing a known volume and the dynamic viscosity, /i, was determined as fx = up.
Motor Control. Time-varying pressure and flow waveforms representative of an epicardial coronary artery were generated in the test section by controlled opening and closing of the upstream and downstream valve. The digital nature of the stepper motors required an open-loop control mode to achieve the desired test conditions (constant periodic input pressure and downstream resistance to simulate vasodilation) regardless of the hydraulic load, i.e., the stenosis model. Appropriate motor positions or valve orifice openings were determined under steady flow conditions for each of 40 equally spaced times during the synthesized cardiac cycle. The corresponding control strings for the velocity, direction, and acceleration parameters required to reach the next motor position during a given time interval were then determined for each motor. They were stored in a file for later continuous "playback" from the computer to the motor driver in order to generate the desired pulsatile pressure and flow waveforms.
Stenosed Artery Model.
The test section with a partially compliant stenosis was created by placing an eccentric, rigid obstruction in a thin-walled latex tubing of 6.35 mm nominal diameter (Penrose drain tubing, Davol Inc., Cranston, RI). Changes in the outer diameter of this tubing, fixed at a constant length under 20 percent longitudinal tension, were measured over a static pressure range from 0-200 mm Hg. The resulting pressure-diameter relationship was linear (r = 0.997) with a slope of 0.6 mm/100 mm Hg change in intraluminal pressure. The incrementar elastic modulus, £,"c, of the latex tubing is constant and matches that of coronary arteries at the diastolic range of normal physiological pressures [29] . The wall modulus of elasticity was 10.82 X 10' Pa, which is close to the value of 12.2 X 10' Pa estimated for the incremental elastic modulus of human coronary arteries in vivo [15] . The complex material properties of the arterial wall which are highly nonlinear and include viscoelastic elements are difficult to model. For a thinwalled tube the stiffness of the vessel wall is more directly described in terms of volume distensibility C = 0.15DIEi"Ji, which is inversely proportional to the wave speed [6, 44] , Under normal pressure conditions for which the elastic moduli are similar, this parameter is larger for the latex tubing by a factor roughly equivalent to the ratio of model-to-coronary diameter. However, due to the nonlinearity of the arterial stressstrain relationship the coronary wall becomes increasingly more compliant at lower pressures [9] , thereby matching or possibly exceeding the distensibility of the latex tubing. For the purposes of this study the linear elastic properties and distensibility of this tubing were therefore considered appropriate to demonstrate the effect of a partially flexible wall segment on the pressure drop-flow relationship of an eccentric stenosis where intraluminal pressure is greatly reduced. Twelve plaque models were fabricated from plexiglas. All models were blunt-ended and 12.7 mm long, with a length-todiameter ratio LID = 2. Three arcs of flexible wall remaining after insertion of the plaque model (j, 5, and 5 of the circumference) were chosen for each of three percent area reductions (50, 80 , and 90 percent, referenced to a nominal diameter of 6.35 mm). Rigid, concentric models of corresponding area reduction served as controls for the partially compliant models. The different desired degrees of flexible wall for a given area reduction resulted in various cross-sectional shapes of these plaque models, which are shown in Fig. 3 . Table 2 lists the geometric dimensions of these plaque models. The models are referenced in the text by their severity (nominal percent area stenosis) and the fraction of flexible wall circumference, e.g., '50-3' refers to an eccentric 50 percent stenosis with one third flexible wall circumference, while '90-0' refers to a rigid concentric 90 percent stenosis.
The plaque models were fastened to the inside of the latex tubing by applying a thin layer of epoxy glue to the "rigid" part of the plaque circumference and inserting it into the tubing, which had previously been turned inside out for about half of its length. Since the diameter of the unpressurized latex tubing was less than 6.35 mm, the plaque models were inserted by slightly stretching the tubing. Based on the pressure-diameter relationship the actual resulting stenosis severities were estimated to correspond to a 52, 84, and 95 percent area reduction. The tubing was then slipped back over the stenosis and the glue was allowed to dry for 24 hours. The final length of the tubing was 16 cm, with the stenosis located 7 cm from the beginning. The flexible test section was then mounted between the ends of the rigid tubing under 20 percent longitudinal stretch to prevent it from sagging.
Protocol. The existence of fully developed flow was verified in preliminary experiments by the presence of a linear pressure drop-flow relationship for the unobstructed test section over the flow range used in this study. After careful calibration of all instruments, experiments were carried out for each of the twelve stenosed test sections and for the unobstructed flexible tubing. The previously determined motion control parameters for each stenosis model were continuously supplied by the computer to the motor controller. Data acquisition was performed in "background" mode without disrupting control of the motor movements. After conversion of the recorded data into physical pressure and flow units the instantaneous pressure loss and downstream resistance were calculated. The sampled and derived variables were plotted as a function of time. In addition, the pressure drop was plotted as a function of the upstream flow rate. Systolic, diastolic, and overall time-averages were calculated for each variable and compared between models.
Results
Typical coronary pressure and flow waveforms could be well reproduced with this hydraulic system, as is illustrated in Fig.  4 for the unobstructed flexible tubing. The average input pulse pressure was 5.5 kPa (41 mmHg) and the flow waveform showed an inverse relationship to the pressure typical for the coronary circulation, exhibiting a minimum at maximum systolic pressure and being highest during the diastolic pressure decay.
Examples of pressure and flow recordings are shown in Figs. 5-7 for the 50-2, 80-2, and 90-2 compliant stenosis models, respectively. The pulsatile flow waveform displayed extensive changes with increasing stenosis severity and compliance. Flow became generaUy less pulsatile, which was mainly due to a disproportionate fall in diastolic volume flow. For severe, compliant stenoses (models 90-3 and 90-2) mean systolic flow was larger than diastolic flow, in contrast to the dominant diastolic flow for all other models. Capacitive effects, as indicated by the ratio of upstream {Q\) and downstream {Q2) flow rate, were small and were mainly restricted to the systolic time period again occurring for the 90-2 model. For the severe, compliant stenosis models, the mean flow rate was reduced to less than 20 percent of the flow rate through the unobstructed tube. For a given stenosis compliance, a progressive fall in the mean flow rate was obtained with increasing stenosis severity, which was predominantly due to a disproportionate decrease in flow during diastole (Fig. 8) . In addition, for a given stenosis severity, mean flow generally fell with increasing degree of compliance. As compared to the corresponding rigid model, mean flow for the most flexible model decreased by 12, 34, and 80 percent for the 50, 80, and 90 percent stenoses, respectively. This suggests that the effect of a flexible wall segment at the stenosis increased with the underlying stenosis severity. Pressure loss across the stenotic section was also mainly a diastolic phenomenon (Fig. 9) . The mean pressure drop increased with stenosis severity from about 0.7 kPa (5 mmHg) to 3.8 kPa (28 mmHg) for the rigid models. Pressure losses were clearly augmented by the existence of a partially flexible wall. As compared to the corresponding rigid model, an additional mean pressure gradient of about 0.1 kPa (1 mmHg) re- suited for the 50-2 model, which increased to about 0.8 kPa (6 mmHg) and 4.8 kPa (36 mmHg) for the 80-2 and 90-2 models, respectively. These changes in the mean and the pulsatile nature of the pressure and flow were reflected in the instantaneous AP-Q relationship of the stenosis models. The AP-Q relationships for the rigid and most compliant models of the 50, 80, and 90 percent area stenoses are shown in Figs. 10-12 . The AP-Q relationships for models of intermediate compliance {\ and | flexible wall circumference) lie between these curves and have been omitted for clarity. The pressure drop, AP, is plotted versus the upstream flow rate, Q\, since this is the flow that can be measured in vivo, as opposed to the downstream flow rate, Q2, which is generally inaccessible. Overall, a higher stenosis severity caused an increase in the slope of the AP-Q relationship, reflecting higher pressure losses for a given flow rate. Increasing the degree of flexible wall circumference for a given stenosis severity had only a small effect on the AP-Q characteristics of the 50 percent models (Fig. 10) , while it substantially changed the fluid dynamics of the 80 and 90 percent models (Figs. 11 and 12 ). The maximum attainable dia- stolic flow rate was markedly reduced for these compliant models, which also exhibited a greatly enhanced pressure drop, thereby shifting the AP-Q curves up and to the left. For all rigid models as well as for the compliant 50 percent models, the existence of unsteady inertial effects during periods of rapid flow changes was indicated by an "opening" of the AP-Q relationship into a clockwise loop. Additional pressure losses during late systolic and early diastolic flow acceleration caused the ascending limb of the AP-Q loop to be higher than the descending limb representing late diastolic flow deceleration. In accordance with a fall in flow pulsatility, either due to a higher stenosis severity for the rigid models or due to increasing compliance the contribution of these unsteady inertial pressure losses became smaller and the AP-Q loops became more and more closed.
In contrast, the AP-Q loops for the compliant severe models opened again, although the flow waveform was extremely damped (c.f. Fig. 7) . The time course of these loops was counter-clockwise, i.e., there was less pressure loss during late systolic flow acceleration than during late diastolic flow deceleration ( Figs. 11 and 12 ). Figure 13 shows the AP-Q loops for the compliant 90 percent stenosis models at an expanded flow scale together with several theoretical curves for rigid stenoses of increasing severity. The slope of the diastolic AP-Q relationship became increasingly steeper and was even reversed for the 90-3 and 90-2 models (solid arrows), i.e., flow decreased with a concomitant increase in pressure drop. For these models, a small flow elevation in mid-systole was accompanied by a large fall in pressure drop. During mid-diastole, the pressure loss rapidly increased by up to 10.7 kPa (80 mmHg) for the 90-2 model while the flow, after an initial small increase, fell by about 30 ml/min. This reversal in the direction of the AP-Q loops is consistent with partial systolic wall expansion and diastolic collapse of the flexible wall segment at the stenosis, thereby causing a higher stenosis severity during diastole than during systole. During the course of a single cardiac cycle, the AP-Q relationships of these compliant models cross several theoretical AP-Q curves for rigid models of different severities. Inflation and deflation of the stenotic section and the tubing Fig. 10 for explanation of symbols.) downstream of the stenosis was visible for the more severe compliant models during the flow cycle. No self-excited oscillations or total collapse were observed during the course of these experiments.
Discussion
The influence of two geometric parameters, stenosis severity and arc of flexible wall at a stenosis, was investigated to address the issue of the hemodynamic significance of passive vasomotion of a normal wall segment opposite an eccentric plaque in an epicardial coronary vessel. Although a relatively simple, purely resistive flow system was employed to model the coronary circulation, the results indicate that the main features of coronary pressure and flow waveforms could be adequately reproduced. Similitude to significant parameters describing flow conditions in the normal coronary artery was maintained by matching the instantaneous Reynolds number and the frequency parameter. In the stenotic section, the Euler number and dimensionless wall elasticity may become relevant (approach unity). However, the contribution of dynamic pressure (pv^) is underestimated in the flow model and thus, the measured changes in pressure drop are also likely to be underestimated compared to a stenosed coronary artery. This suggests that elastic effects due to pressure reduction by convective acceleration at the stenosis may be more accentuated in vivo.
Several assumptions were made in modeling blood flow in a stenosed epicardial coronary vessel. A fluid with constant viscosity was used instead of blood which is a suspension of formed elements and exhibits non-Newtonian behavior. However, at shear rates greater than 200 s"' the viscosity of blood (hematocrit 44 percent) is constant and independent of the capillary radius (r > 0.1 mm) [7] . Considering the relatively high shear rates in a stenosed artery and the fact that even for the most severe stenosis models the minimum hydraulic diameter was larger than 0.2 mm, treating blood as a homogeneous, Newtonian fluid appears a reasonable assumption for the purposes of this study.
A plexiglas plug in latex tubing leaving a partially flexible wall segment was chosen to model a coronary artery stenosis. While this model is consistent with the predominantly eccentric nature of most coronary stenoses, it does not reproduce the nonlinear viscoelastic properties of the arterial wall. As outlined before, the distensibility of the model tubing was higher than that of a coronary artery at normal physiological pressures. However, the tube wall was most likely less flexible than the coronary wall at the greatly reduced pressures within the stenosis, in which case our results would tend to underestimate the corresponding effect in vivo. The chosen model therefore appears adequate for the purpose of this study which focussed on changes in the AP-Q characteristics caused by a partially compliant stenosis. Our results are consistent with observations of other investigators that have demonstrated an increased resistance of a flexible eccentric coronary stenosis as a result of low perfusion pressures [25, 35] which was contributed to partial collapse of the wall at the stenotic segment.
The blunt-ended configuration of the models used in this study is not considered to be a significant factor, since the detailed entrance and exit configuration of a stenosis mainly affects viscous losses, which are small compared to exit losses for higher flow rates or severe stenoses for which the total pressure drop is primarily a function of the minimum area [28, 36] . Our model also assumed a completely rigid underlying obstruction whereas atherosclerotic plaques may deform under pressure [3, 23] . Future work may be carried out using, for example, a "soft," pliable plaque model.
The rigid tubes used in the in vitro setup provided some structural support to the ends of the compliant tubing which may have had an effect on the results. However, the length of the downstream compliant section was sufficient (10 cm) to allow dimensional changes including complete collapse. This was only observed during preliminary steady flow tests at distal resistances lower than those used in the pulsatile experiments reported here. It is therefore unlikely that the results seen in this study would have qualitatively been much different with a longer downstream flexible section. Tethering of the epicardial coronary arteries to the surface of the heart was not modeled, with the exception of longitudinal stretch. Connective tissue pressure is minimal for epicardial coronary arteries whose outer surface is surrounded by fluid with external pressures close to zero [27] .
Although myocardial function is independent of perfusion pressure in the presence of adequate blood flow [41] , pressure losses of the magnitude demonstrated across the most severe stenoses in this in vitro study may not be sustainable by the in vivo coronary circulation due to the much reduced blood flow. However, pressure losses reported in our study are comparable to those observed by Gould et al. [13] in the stenosed left circumflex coronary artery of chronically instrumented awake dogs. To test whether the mechanisms demonstrated in this study occur to a similar magnitude in humans would require pressure-flow measurements at elevated flow rates (maximal vasodilation) in patients with a similar stenosis.
Despite these limitations, the present findings provide useful insight into the hemodynamic changes that may occur chnically due to passive vasomotion of a normal wall segment at an eccentric plaque in a coronary artery during vasodilation. The changes in the pressure and flow waveforms observed with increasing severity of a fixed stenosis are consistent with those described by Gould et al. [13 ] . Phasic changes in flow decreased with increasing stenosis severity and the flow pattern was reversed for the most severe models with systolic flow being higher than diastolic flow. In contrast, phasic changes in the pressure gradient were enhanced, with consequential changes in the AP-Q relationship. As in their in vivo studies, unsteady inertial effects of rapid flow acceleration and deceleration were reflected as an open loop in the AP-Q presentation, extending in a clockwise direction from mid-systole in the lower left to mid-diastole in the upper right of the curve.
A higher wall flexibility for a given stenosis severity generally produced an increase in stenosis resistance. The maximum attainable flow rate decreased while the pressure loss increased. The corresponding AP-Q relationships became steeper and shifted upwards and to the left. Some discrepancy from this trend existed for the 80-3 and 90-3 models, which was most likely due to the difficulty in maintaining the exact desired dimensions when gluing the plaque models into the latex tubing. However, the external boundary conditions (time-varying input pressure and downstream resistance) were similar for all models, and the observed changes in the fluid dynamic characteristics thus reflected the differences in stenosis configuration.
The pressure drop across a stenosis for a given flow rate is dominated by the inverse fourth power of the minimum diameter, which leads to a higher sensitivity of the fluid dynamic characteristics of more severe stenoses to small changes in lumenal dimensions [36, 47, 49] . Our results showed that the upward displacement of the AP-Q relationship with increasing wall compliance became more pronounced with increasing stenosis severity, indicating that a longer arc of compliant wafl circumference produced a larger adverse effect on the fluid dynamics of more severe stenoses. An alternate reason for the increase in pressure drop for a given flow rate could be the shape of the residual area. The desired constant plaque area at various degrees of flexible wall for each stenosis severity resulted in an increasing deviation from a circular cross-section for the residual area. In addition, the increase in flexible waU circumference created a progressively more eccentric stenosis. While both of these geometric variables (eccentricity and noncircular cross-section) have been shown to increase the pressure loss across a rigid stenosis, their relative effect decreased with increasing stenosis severity [40, 50] and was negligible for severe stenoses [28, 36] .
Moreover, an additional pressure drop due to any fixed geometric parameter should have had a proportional effect at all flow rates and thus should have merely shifted the whole AP-Q relationship up and to the left. Instead, the resulting curves for the severe compliant models indicate a disproportionate increase in the diastolic pressure drop. An example is given for the 90-4 stenosis model (Fig. 13) . Shortly after the beginning of diastole, near maximum flow, the pressure drop rises abruptly, with little change in flow. This causes the mid-diastolic limb of the AP-Q relationship to be shifted upwards and to the left, resulting in a counter-clockwise orientation of the loop, in contrast to the clockwise direction of the less severe and/or less compliant models. This behavior was seen for all compliant severe models which demonstrated a pressure loss that, for the same flow rate, was higher during mid-to end-diastole (after maximum flow had been reached) than during early diastole (flow acceleration). As illustrated in Fig. 13 , the resulting AP-Q loops moved across a family of curves, each representing a different fixed stenosis severity. The results of the present study therefore suggest that the geometric characteristics of a partially compliant stenosis are continuously changing during the cardiac cycle. This effect cannot be caused by a fixed stenosis geometry, regardless of the cross-sectional shape. We therefore consider a narrowing of the stenotic lumen area during diastole due to partial collapse of the flexible wall segment to be responsible for the worsened hemodynamic effect.
Several experimental studies have shown that a partially compliant stenosis may act as a flow-limiting resistor, i.e., during interventions that reduce the downstream resistance flow choking or even reduction is observed despite an increase in the driving pressure [2, 10, 19, 21, 25, 33, 42] . This paradoxical flow behavior has been described by Shapiro [38] for flow past a pressurizing external cuff around a thin-walled tube. In this situation the flow through the throat of the stenosis may become supercritical, i.e., the local flow velocity becomes larger than the local wave speed, causing flow limitation. These events are associated with partial collapse of the flexible wall segment in response to the loss of intraluminal pressure within the throat of a stenosis due to conservation of energy (Bernoulli principle), until an equilibrium between the wall forces and the distending pressure is reached. Stenotic dimensions then remain stable until the distending pressure changes. Due to the pulsatile nature of the simulated coronary flow waveforms in the present study, flow limitation was restricted to the diastolic period of the simulated cardiac cycles, during which the downstream pressure and resistance were lowest. Features indicative of flow limitation were present in the AP-Q curves of the 80-3, 80-2, 90-4, 90-3, and 90-2 models. They are most evident for the 90-3 and 90-2 models, for which flow actually decreased during diastole while the pressure drop increased markedly at the same time (solid arrows in Fig. 13 ). The maximum flow rate was reached despite a continued decrease in downstream pressure, which is consistent with flow limitation due to partial collapse. In contrast, flow during mid-systole increased with a concomitant decrease in the pressure drop, which is indicative of a passive expansion of the stenosis lumen area. This behavior is similar to that observed by Judd and Mates [19] in steady flow experiments involving an eccentric, partially flexible stenosis. Binns et al. [2] reported systolic wall collapse downstream of a concentric rigid stenosis for pulsatile flow through a model of a stenosed systemic (carotid) artery. Under physiological conditions, arterial collapse may occur due to transition to supercritical flow at the throat of a concentric stenosis with associated negative transmural pressure [22] . The likelihood of collapse in stenotic arteries is further enhanced in the presence of an eccentric plaque [1] , Based on the results of this study, it is concluded that partially compliant coronary artery stenoses may undergo periodic geometric changes during the cardiac cycle in passive response to pulsatile changes in intraluminal distending pressure. For severe stenoses with a flexible wall segment, the diastolic fall in distal resistance results in substantial changes in the pressure dropflow relationship, which does no longer follow a single quadratic (curvilinear) relation and exhibits features that are consistent with partial collapse of the compliant wall segment during diastole. This behavior may well be amplified for in vivo stenoses due to the enhanced compliance of the arterial wall at low intraluminal pressures.
Clinical Implications. The findings of this study may have important implications for the in vivo situation. Periodic motion of the normal wall circumference opposite an eccentric plaque may lead to Assuring or tearing of the intima at the junction between atherosclerotic plaque and normal wall with subsequent embolization or local thrombus formation [1, 2, 22] . Areas of local stress concentration have been shown to exist at this junction, which is particularly vulnerable to cyclic loading [24, 26, 30] .
These results also point to potential problems regarding the evaluation of functional stenosis severity from coronary angiograms. Gould et al. [14] have shown that well established fluid dynamic equations can be used to adequately predict the diastolic AP-Q relationship of a coronary stenosis in vivo for a given vasoactive state. The necessary stenotic dimensions in this widely used application are supplied by the quantitative analysis of a mid-diastolic frame selected from the angiographic x-ray film. Their conclusions were based on data obtained in unsedated dogs with a fixed coronary stenosis that exhibited a single curvilinear diastolic AP-Q relationship. In contrast, the results of our study show that the fluid dynamics of a partially compliant stenosis may change continuously during the diastolic part of the cardiac cycle due to a passive change in the stenotic lumen area. A diastolic worsening of the minimum stenosis diameter has been demonstrated in diseased human coronary arteries by quantitative analysis of sequential angiographic frames over two cardiac cycles [ 37 ] . In light of the high prevalence of partially compliant, eccentric stenoses in coronary arteries, it should therefore be considered that the validity of fluid dynamic predictions based on angiographic dimensions may be limited to the stenosis size present in the particular angiographic frame that was selected for quantitative analysis. Furthermore, angiogram-based extrapolations regarding the hemodynamic characteristics of that stenosis over a wide range of flow rates should be done with caution due to the passive mobility of the flexible wall segment. Partial collapse at elevated flow rates could lead to substantial differences between the predicted and the actual AP-Q relationship.
